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Introduction
In healthy articular cartilage tissue homeostasis is maintained by the equilibrium between degenerative and regenerative processes and strongly contributed by normal mechanical loading.
This balance can be disturbed by altered mechanical stimulus of the tissue, for instance due to injurious loading, which may lead to disorganization/fibrillation of the superficial collagen fibril network, proteoglycan loss and osteoarthritis (OA) (Buckwalter and Mankin 1998; Saarakkala et al. 2010) . Cartilage proteoglycans (PGs) possess a substantially higher turnover rate (half-life ~3.5
years (Maroudas et al. 1998 )) than collagen (half-life ~120 years (Lohmander 1988; Heinemeier et al. 2016) ). Therefore, abnormal mechanical stimulus may particularly lead to irreversible changes in the collagen network (Stoop et al. 1999; Karsdal et al. 2008) .
Injurious loading of cartilage can induce physical lesions in cartilage (Rolauffs et al. 2010; Alexander et al. 2012; Virén et al. 2012; Myller et al. 2016; Ferizi et al. 2016) . It has been suggested that the damage and disorganization of the collagen network could progress following an injury which may further accelerate cartilage degradation (Ferizi et al. 2016 ). However, it is not known which mechanical signals of cartilage tissue change around a focal cartilage defect that could affect collagen disorganization and possible progression of OA.
Earlier computational studies have demonstrated successfully the formation of an arcade-like
Benninghoff-type collagen architecture in intact cartilage in response to normal mechanical loading and swelling pressure (Wilson et al. 2006) , and influences of the cartilage composition on the established collagen architecture (Nagel et al. 2013) , originating from tissue deformation.
Several investigators have focused on strain/stretch (Driessen 2003; Driessen et al. 2004 Driessen et al. , 2005 Driessen et al. , 2008 or stress (Rachev et al. 2000; Taber and Humphrey 2001; Hariton et al. 2007; Driessen et al. 2008) based collagen remodeling in cardiovascular tissues or in other soft tissues in general (Lanir 2015) . Furthermore, a recent study suggests that collagen fibril homeostasis might be straindriven (Oomen et al. 2016) , at least in cardiovascular tissues.
In this study, we hypothesized that the disorganization of collagen fibril network could be caused by the changes in the mechanical environment of cartilage resulting from a physical cartilage injury. The hypothesis included the following principal assumptions: 1) collagen architecture must not change in intact cartilage under normal loading (as we assume it homeostatic) and 2) reorientation must be dependent on the mechanical tensile stimulus of the collagen fibrils. In order to investigate our hypothesis, we developed an algorithm capable of evaluating altered collagen fibril orientation resulting from stress and strain stimuli of cartilage matrix and collagen fibrils.
The progression of collagen disorganization was then simulated in the models representing intact and mechanically injured (focal defect) cartilage explants.
Materials and methods

Material model
Articular cartilage was modeled based on a fibril-reinforced poroviscoelastic material with Donnan osmotic swelling (FRPVES material) (Wilson et al. 2005b) . Briefly, the material model assumes cartilage as a biphasic material consisting of a fluid matrix and a porous solid matrix, which consists of a viscoelastic fibrillar (collagen network) and a swelling non-fibrillar (PG network) matrices. The collagen fibril network incorporated 4 primary and 13 secondary fibrils. Primary fibrils define Benninghoff-type collagen fibril architecture (Benninghoff 1925) while the secondary fibrils describe randomly organized fibrils and collagen cross-links. The intrinsic tension compression nonlinearity behavior of cartilage (Soltz and Ateshian 2000) was taken into account in the FRPVES material by allowing fibrils only to resist tension. Buckling of the fibrils was assumed to have negligible contribution to mechanical response and was not implemented.
The stress of a viscoelastic fibril ( ) is given as
where E0 and Eε are the initial and strain-dependent fibril moduli, η is the viscoelastic damping coefficient (viscosity), εf is the (logarithmic) fibril strain ( = ln • , , see eqs.
(2) and (3) for definitions), and and are fibril stress and strain rates (i.e. = and = ).
The stress tensor for an individual fibril is of a form = ⨂ , for primary fibrils, ⨂ , for secondary fibrils,
where is the depth-dependent total collagen fraction per solid volume, C (=12.16) is the ratio between primary and secondary fibrils and it has been obtained earlier for this fibril-reinforced material (see more details from (Wilson et al. , 2005b ), ⨂ denotes a dyadic product and is the current fibril orientation calculated from the initial fibril orientation ( , ; a unit vector) as follows
where is the deformation gradient tensor.
The stress tensor of the non-fibrillar matrix was defined based on the strain density function of a Neo-Hookean material
where Km and Gm are bulk and shear moduli, J is the determinant of the deformation gradient tensor and I is unit tensor. Fluid flow inside the porous solid matrix was modeled based on Darcy's law and permeability was implemented as deformation-dependent based on changes in void ratio according to van der Voet (van der Voet 1997),
where k and k0 are the current and initial hydraulic permeabilities, e and e0 are the current and initial void ratios and M is a positive constant describing the strain-dependency of the permeability.
The tissue swelling was based on the Donnan osmotic swelling pressure gradient which can be determined at equilibrium as follows
where , , ± , ± are external and internal osmotic coefficients and external and internal activity coefficients, respectively, is external salt concentration (0.15 M), R is the molar gas constant and T is the absolute temperature (293 K).
The total stress tensor of the FRPVES material can now be stated as a sum of the individual stress tensors of the constituents as
where totf is the total number of fibrils and µf is the chemical potential of water. The term Δπ + µf is equal to fluid pressure p in poroelastic/biphasic materials. Structural, compositional and material parameters are presented in Table 1 . For more detailed description of the material model, please 
Collagen reorientation algorithm
Earlier computational studies by Driessen et al. (Driessen 2003; Driessen et al. 2005 Driessen et al. , 2008 ,
Menzel (Menzel 2007 ), Nagel and Kelly (Nagel et al. 2013 ), Wilson et al. (Wilson et al. 2006) and an experimental study by Oomen et al. (Oomen et al. 2016) have proposed that collagen fibrils align according to a tensile strain. To test our hypothesis that the reorientation of the collagen fibrils could be caused by the changes in the mechanical environment of cartilage resulting from a physical cartilage injury, we incorporated the approach based on the study by Wilson et al. (Wilson et al. 2006) and further modified it and tested with different mechanical signals. In this study, the fibrils were assumed to orient with respect to the undeformed (reference) state, and thus, the tensile stimulus in the cartilage tissue was evaluated in a Lagrangian frame either from the Green-Lagrangian strain tensor E (similarly as in Wilson et al. (Wilson et al. 2006 )) defined as
where C is the right Cauchy-Green deformation tensor (C = F T •F), or from the 2 nd Piola-Kirchhoff stress tensor S2PK (our additional hypothesis) obtained through a pull-back operation of the Cauchy stress tensor σc (stress output in Abaqus and equivalent to the total stress in eq. (7)):
= .
(9)
The approach in equation (9) has been previously used for cardiovascular tissues (Rachev et al. 2000; Taber and Humphrey 2001; Hariton et al. 2007 ), but not in cartilage. Using spectral decomposition, these strain and stress tensors can be decomposed into their principal strain/stress values λi (eigenvalues) and corresponding principal strain/stress directions (eigenvectors). Now the collagen fibril is reoriented towards a preferred fibril direction , which is defined as follows (Driessen et al. 2005; Wilson et al. 2006; Hariton et al. 2007 )
where are the functions of the principal strain or stress (in the Lagrangian frame) as follows = , > 0, = 0, ≤ 0,
i.e., only positive (tensile) tissue strains/stresses are contributing to the fibril disorganization. Eq.
(10) results in four vectors which ensures the symmetry of the primary fibril architecture. Now, the fibril is rotated around the rotation axis defined as
where , is the fibril direction in the undeformed configuration. By utilizing the matrix exponential, the new fibril direction ( , ; a unit vector) can be calculated as follows:
where is a positive constant for the rate of reorientation (from 0 to 1), = arccos , • is the angle , and (calculated from eq. (10)) and is the cross-product matrix of .
Aforementioned calculations are determined for each primary-preferred fibril direction pair and the fibril is rotated towards the closest preferred direction. Then, the new fibril directions are updated and a new iteration (mechanical and reorientation analysis) is started.
Finite element simulations
Two 3D FE models representing cylindrical osteochondral explants (h = 1.5 mm, r = 1.5 mm, Figure 1 ) were constructed (element type C3D8P) using FRPVES material implemented using UMAT subroutine in ABAQUS 6.13 (Dassault Systèmes, Providence, RI, USA). The reference model was kept intact while the injury model included a 20 µm wide and 750 µm deep lesion throughout the explant in order to investigate the effect of a focal defect (change in the mechanical environment) on collagen architecture following injurious loading (Virén et al. 2012) . In both models, the bottom nodes were fixed (i.e. no rotation or translation degrees of freedom were allowed) to simulate rigid subchondral bone. Fluid flow though free cartilage surfaces was allowed (pore pressure = 0) while other surfaces were sealed. The contact between cartilage and rigid and impermeable platen was modeled using surface-to-surface formulation with a finite sliding and hard pressure-overclosure relationship. Coefficient of friction was set to 0.1 (Teeple et al. 2008) .
Following an initial free-swelling step (to establish mechanical equilibrium and pre-strain in collagen network), a ramp load of 2 MPa for 0.1 s was applied on the cartilage surface in an unconfined compression geometry ( Figure 1A & B) . The magnitude and duration of the load were selected to correspond to physiologically relevant loading, i.e., they can represent typical values during the loading response of the gait (Brand 2005; Yang et al. 2010; Gilbert et al. 2014; Tanska et al. 2015; Kłodowski et al. 2016) . Similar values have also been used in other computational studies (Zhang et al. 2015) . In addition, in order to approximate the influence of sliding that occurs in the knee joint, the effect of shear loading on the disorganization process in the reference and injury models was investigated by applying a sliding of 40 mm/s for 0.1 s following the compression ( Figure 1C ). At the end of the application of the load, the deformation gradient and Cauchy stress tensors, i.e., deformation and stress of the whole cartilage tissue matrix, were obtained using URDFIL subroutine in ABAQUS. Based on the study by Wilson et al. (Wilson et al. 2006 ), 1) time incrementally averaged Cauchy-Green deformation tensor and 2) the maximal right Cauchy-Green deformation tensors produced practically identical results for the remodeling.
This was also verified by our preliminary simulations. Thus, the maximal strain or stress tensor at the end of the simulation was selected to drive the reorientation process in a custom-made Matlab script (R2014a, The MathWorks, Inc., Natick, MA, USA). In contrast to our hypothesis, it was also observed in our preliminary simulations that the normal Benninghoff-type architecture was not preserved if only the strain or stress of the solid matrix was taken into account (parameters from elements). Consequently, an additional constraint was included as follows:
i.e. the reorientation to occur only if the strains in the collagen fibrils were in tensile direction (fibrillar matrix experiences tension). The value κ = 0.3 was selected based on our preliminary simulations and a previous study (Wilson et al. 2006 ) which enabled the optimal convergence for the fibril reorientation. In other cases, without the additional constraint, the reorientation rate was set to κ = 0.3 and fibril homeostasis (no reorientation) was assumed when α < 1°. Finally, the collagen network architecture was evaluated after 50 consecutive iterations, as the principal stress or strain values at the middle zone of cartilage were close to equal which sometimes led to local instabilities. In these points the remodeling was not allowed to occur, thus, the algorithm was allowed to run sufficiently long (50 iterations) to ensure that the instabilities do not affect the outcome of the simulation and an equilibrium condition was reached. The mesh convergence was also verified using eight times denser mesh (difference between stress and strain values < 5 %). 
Results
Fibril reorientation with tensile tissue strain based algorithm
The superficial collagen architecture was simulated to extend over 50% of the total thickness of the intact reference model when compared to initial orientation angles (Figure 2A, i) . In the injury model, the architecture was simulated to become closer to 45° orientation angle near and along the injury bottom edge compared to the intact reference model. In addition, the architecture was simulated to remain nearly unchanged near the bone-cartilage interface (Figure 2A, i) . When the injury model was subjected to additional shear sliding, the orientation angles were closer to 45° even in larger areas near and along the injury bottom edge when compared to the intact reference model and injury model (Figure 2A, i) . A more detailed examination of the orientation angles at the center of the explant next to the injury location revealed that the orientation angle differences between the models were negligible ( Figure 3A , blue lines).
3.2
Fibril reorientation with tensile tissue strain and tensile fibril strain based algorithm
The initial collagen architecture was well-preserved throughout the intact reference model; the orientation angles were changed only near the bone cartilage interface where they changed slightly closer to 45° when compared to the initial orientation angles (Figure 2A, ii) . Again, the presense of the injury changed orientation angles near and along the injury bottom edge closer to 45° compared to the intact reference model, while sliding in the injury model with shear sliding further amplified this change in larger area (Figure 2A , ii). Similar finding was also observed in a more detailed examination of the orientation angles at the center of the explant next to the injury ( Figure   3A , red lines).
Fibril reorientation with tensile tissue stress based algorithm
The collagen architecture was simulated to resemble close to the one in the corresponding strain based method in the intact reference model (i.e., the orientation angles that are typically present in superficial cartilage occupied over 50% of the cartilage thickness), except for a slight change in the orientation angles at the normalized depths from 0.15 to 0.4, where orientation angles were changed closer to 45° ( Figure 2B , ii and Figure 3B 
Fibril reorientation with tensile tissue stress and tensile fibril strain based algorithm
The initial architectire was completely preserved in the reference model ( Figure 2B, iv) . In the injury model ( Figure 2B , iv and Figure 3B 
Discussion
Summary
The collagen fibril reorientation algorithm, based on a tensile tissue strain or stress stimulus and collagen fibril strain, was used for investigating the potential reorientation/disorganization of the collagen fibril network due to the focal cartilage lesion. Cartilage tissue was modeled as a fibrilreinforced biphasic material capable to separate contributions of the non-fibrillar and fibrillar matrices on cartilage mechanics. The collagen reorientation was then simulated in the models representing intact and injured cartilage (half-thickness lesion). We found that tissue stress or strain based reorientation approaches predict reorientation of the collagen network. If these reorientation approaches were bounded by an extra condition that the collagen fibrils must experience tensile strain, the Benninghoff type collagen architecture was preserved in most of the tissue, and in the injured tissue, most of the reorientation was observed near the bone-cartilage interface and below the lesion.
Alterations in cartilage structure simulated by the reorientation algorithm
Using purely the tissue stress or strain as the driving factor for the reorientation process, the superficial collagen architecture occupied more than half of the thickness of the intact and injured cartilage explant. This could be potentially explained by the unconfined compression geometry as the tissue can only expand in the transversal direction. This same could potentially occur also in vivo but we did not test that here. The unconfined geometry was chosen as it is relatively easy to apply in vitro for large number of samples (see e.g. (Li et al. 2013) ). Yet, we acknowledge that the loading in unconfined geometry can be considered as an idealization and in vivo loading on cartilage is more complex and may vary from subject to subject.
If the reorientation was allowed to occur only when both tissue and collagen fibrils experienced tensile stimulus (collagen fibrils were assumed to only resist tension, see eq. (1)), both strain and stress based disorganization methods predicted nearly unchanged arcade-like architecture in the intact reference model. Interestingly, the degree of collagen disorganization increased near the bone-cartilage interface in the injury model. In addition, when the injury model was subjected to shear sliding, the level of disorganization was slightly more amplified in the strain based algorithm and it progressed closer to the bottom of the lesion. These findings suggest that the tensile stimulus of collagen network could be important to consider in future adaptive modeling approaches as they might play a role in cartilage adaptation.
Comparison to literature
Our findings are partially supported by an experimental ex vivo study (Lyman et al. 2012) in which the fibrillation of collagen fibril network was observed to occur near the experimentally produced partial-thickness defects over a 4-week period (localized at the superficial and deep zones). Similar findings have also been reported in an in vitro injury study (Rolauffs et al. 2010 ) and an in vivo study of cartilage repair in goats (Raub et al. 2013 ). In the former study, significant collagen crimping was localized at the deep tissue and no crimping was observed at the superficial tissue 48 hours after the injury. In the latter study, localized remodeling of the collagen network was observed in adjacent host and implanted repair cartilage in goats 6 months after the repair operation. This experimental remodeling in goats was found to be consistent with the direction and magnitude of cartilage strain resulting collagen network remodeling from the orientation angles of ~85° in non-operated controls closer to 45° orientation angle in repaired tissue near the bonecartilage interface, and below and next to the defect (repair area). Moreover, diffusion tensor MRI based measurements in injured cartilage have shown a decrease of fractional anisotropy (Ferizi et al. 2016 ) that can be related to the more disorganized collagen architecture, i.e., reorientation closer to the 45° orientation angles in the current model. Yet, it is not certain whether this experimentally observed decrease in the fractional anisotropy results from either disorganization/reorientation of collagen network or loss of proteoglycans or both. There are also some computational (Venäläinen et al. 2016) and in vivo experimental (Myller et al. 2016 ) studies with clinical data showing that cartilage lesions cause substantial and significant changes, respectively, at the deep tissue below and near cartilage lesion. However, these changes should be verified in more detail with carefully planned in vitro and in situ experiments as quantification of these changes remains as a challenge when considering the resolution of current clinical imaging modalities, especially in investigations of longitudinal changes due to controlled remodeling.
Limitations
It is possible that the collagen reorientation process is relatively slow which occurs during several months or even years and that in vivo loading is not always the same. These factors might partially explain why most short-term cyclic loading in vitro studies have not observed radical changes in collagen orientation (Kääb et al. 1998 ). Because of these factors, we chose to represent this characteristic time (which is challenging to verify) for the remodeling process as a normalized constant (κ). Thus, the time scale in our algorithm is currently arbitrary (iterations).
The loading protocol (a ramp load of 2 MPa in 0.1 s) was a simplification of a physiologically relevant loading such as that during the loading response of the gait cycle (Brand 2005; Yang et al. 2010; Gilbert et al. 2014; Tanska et al. 2015; Korhonen et al. 2015; Kłodowski et al. 2016 ).
However, based on Wilson et al. (Wilson et al. 2006) , deformation based remodeling is not sensitive to the duration and frequency of the applied loading, but is dependent on the magnitude of the load (Nagel et al. 2013 ) and probably also on the type of the contact properties (e.g. friction, sliding). Thus, greater loading force and higher friction during sliding would just amplify our results.
The collagen reorientation was assumed to result solely from the changes in the mechanical signals of cartilage and collagen. The reorientation (which could also be considered as disorganization) might also result from breakdown of the collagen fibrils in the close proximity of the injury following injurious loading which was not considered directly in the algorithm. On the other hand, the collagen damage was taken into account in the injured geometry.
The position (Venäläinen et al. 2016 ) and presumably size and shape of the tissue defect modulate the mechanical environment around the defect in a human knee joint, which can result in different strain and stress directions. This changed local mechanical environment can also lead to stress concentrations at the superficial cartilage and/or near the lesion, which have been suggested to lead to the breakdown and degeneration of the collagen matrix (Sasazaki et al. 2006; Hosseini et al. 2014; Mononen et al. 2016) , which could potentially contribute to the collagen fibrillation.
The viscoelastic fibril definition was mainly chosen as it is validated earlier (Wilson et al. , 2005b . The viscoelasticity contributes also to the time-dependent mechanical response of cartilage and, thus, also to the time-invariant remodeling process presented in this study. We believe that quite similar results could be achieved with non-linear elastic fibrils and correct selection of the material parameters.
Future developments
Unconfined compression geometry did not include subchondral bone. However, based on recent clinical and computational studies (Hart et al. 1991; Venäläinen et al. 2014 Venäläinen et al. , 2016 , bone could be important to consider when simulating the physiological environment of cartilage as changes in subchondral bone density and plate thickness might alter the strain and stress distribution in cartilage, thus, possibly contributing to the changes in the collagen network structure in injured cartilage during the progression of OA. In addition, depth-wise and spatial variation in the material properties and composition of cartilage might affect slightly to the simulation results, especially if they are changed during the reorientation process. In order to take these material level properties into account, direct experimental data following cartilage injury should be collected.
In addition to changes in the collagen network, the cartilage matrix goes through several changes during OA. Especially, cartilage injury can cause inflammation and cytokine release which may lead particularly to diminished PG formation. There can also be direct PG loss due to collagen damage or cell death related PG loss around the lesion. These factors were not taken into account in our algorithm. On the other hand, a recent follow-up study (Neuman et al. 2017 ) investigating synovial fluid biomarkers in the development of OA found that concentration of inflammation related biomarkers was elevated within 2 weeks after an anterior cruciate ligament injury, while the concentration was normalized during the following year and remained nearly unchanged during the follow-up period of 7 years. These subjects developed radiographical OA during the 16
year follow-up, but the development was not related to the biomarkers (Neuman et al. 2017) . It may be possible that the inflammation initially disturbs the normal integrity of the cartilage making it more prone to further progression of OA caused by long term mechanical loading. On the other hand, inflammation-induced cartilage degradation can be rather related to PGs than collagen. PG loss would change the mechanical properties and stress/strain states of cartilage around the lesion.
In the future, anabolic and catabolic activities of cells and following PG degradation and formation should be included into the algorithm. This would necessitate in vitro follow-up data of several mechanisms simultaneously following injurious loading.
Computational simulations have also shown that fluid phase can support around 80% of the cartilage load during and immediately after the load application (Li et al. 2014; Quiroga et al. 2017 ). If the load experienced by cartilage increases (e.g. due to partial or total meniscectomy (Bedi et al. 2010 (Bedi et al. , 2012 ), it may first cause increased contact and fluid pressure and then a relatively rapid consolidation. This can also be seen as a decrease of fluid pressure slightly after the application of the load (Kazemi et al. 2013; Miramini et al. 2017 ). If cartilage is additionally damaged, its ability to sustain fluid pressurization for a long periods of time may be compromised (Dabiri and Li 2015; Miramini et al. 2017) , which may subject the tissue to excessive strains leading to matrix damage and chondrocyte death. These phenomena may further contribute to the collagen remodeling and tissue failure, and should be investigated in more detail.
Conclusions
In conclusion, the presented collagen reorientation algorithm, based on tissue stress/strain together with collagen fibril tensile strain, was able to predict collagen reorientation near the cartilage defect and close to the bone-cartilage interface. In the future, this algorithm, when validated, may be utilized as a potential tool to predict the progression of OA related changes in the knee joint, and could in optimal case aid in optimizing loading and rehabilitation protocols to restore normal cartilage function.
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The research leading to these results has received funding from the where dsup and dmid are relative thicknesses of the superficial and middle zones of cartilage, respectively (Supplementary figure 1) . In the 3D case, the fibril is then rotated 90° three additional times to ensure symmetry of the fibril architecture. A value for z can be formed from a normalized resultant of a direction vector from an arbitrary nodal point to the closest point in the cartilage surface. The calculated orientation values are then interpolated to the integration points of the
